The considerable physical demand placed on the upper extremity during manual wheelchair propulsion is distributed among individual muscles. The strategy used to distribute the workload is likely influenced by the relative force-generating capacities of individual muscles, and some strategies may be associated with a higher injury risk than others. The objective of this study was to use forward dynamics simulations of manual wheelchair propulsion to identify compensatory strategies that can be used to overcome weakness in individual muscle groups and identify specific strategies that may increase injury risk. Identifying these strategies can provide rationale for the design of targeted rehabilitation programs aimed at preventing the development of pain and injury in manual wheelchair users. Methods: Muscle-actuated forward dynamics simulations of manual wheelchair propulsion were analyzed to identify compensatory strategies in response to individual muscle group weakness using individual muscle mechanical power and stress as measures of upper extremity demand. Findings: The simulation analyses found the upper extremity to be robust to weakness in any single muscle group as the remaining groups were able to compensate and restore normal propulsion mechanics. The rotator cuff muscles experienced relatively high muscle stress levels and exhibited compensatory relationships with the deltoid muscles. Interpretation: These results underline the importance of strengthening the rotator cuff muscles and supporting muscles whose contributions do not increase the potential for impingement (i.e., the thoracohumeral depressors) and minimize the risk of upper extremity injury in manual wheelchair users.
Introduction
Over half of all manual wheelchair users will develop upper extremity pain and injury at some point in their lifetime (e.g., Finley and Rodgers 2004) , which can be highly debilitating and lead to a decrease in independence and quality of life (e.g., Gutierrez et al. 2007 ). This high incidence of pain and injury is correlated with the considerable physical demand placed on the upper extremity during wheelchair propulsion (e.g., Curtis et al. 1999) , as significant intermuscular coordination is needed to generate the mechanical power necessary to propel the wheelchair while maintaining joint stability (e.g., Rankin et al. 2010 Rankin et al. , 2011 van der Helm and Veeger 1996) .
Many different combinations of muscle forces can produce the same net joint moments and generate the required mechanical power (e.g., Pandy and Andriacchi 2010) . Although there is some uncertainty in how the neuromuscular system selects a particular combination of muscle forces to perform a given movement task, most theories suggest that the relative levels of force-generating capacity in individual muscles influence the selection (Erdemir et al. 2007 ). Muscle weakness (or decrease in the capacity to generate force) can be influenced by a number of factors including fatigue and neurological deficits (Requejo et al. 2008) .
Muscle fatigue can result from a number of mechanisms, but it is generally quantified as a transient reduction in the force capacity of a muscle due to sustained physical activity (Enoka and Duchateau 2008) . In order to fulfill specific task requirements, fatigue may occur at different rates in individual muscles and resulting fatigue-related changes in musculoskeletal loading may lead to injury (e.g., Kumar 2001) . However, the overall effect of fatigue on wheelchair propulsion biomechanics is not well understood, as one study concluded that fatigue may lead to potentially harmful changes in propulsion mechanics (Rodgers et al. 1994) , while others have suggested that during an extended period of propulsion, individuals may actually make beneficial adjustments to their propulsion mechanics to mitigate the increased risk of injury (Rice et al. 2009) . A number of inverse dynamics-based analyses have found that during manual wheelchair propulsion, the highest net joint moments and powers are generated at the shoulder, suggesting that the glenohumeral joint may be the most at risk for overuse injury (e.g., Rodgers et al. 1994; Veeger et al. 1991) . These analyses also identified small fatigue-related shifts in joint power from the glenohumeral joint to more distal joints (Rodgers et al. 2003) . Recently, Qi et al. (2012) found that electromyography intensity increases with fatigue and suggested that fatigue may contribute to imbalances between the contact and recovery phase muscles. However, the effect of fatigue in individual muscles on propulsion mechanics has remained relatively unexplored.
Muscle weakness can also result from neurological deficiencies due to injury or disease and ensuing neuromuscular changes, such as denervation and atrophy (e.g., Thomas and Zijdewind 2006) . Furthermore, the breadth and magnitude of these reductions can vary based on the specific impairment or injury level. For example, a person with paraplegia will likely be able to produce larger forces with their triceps and pectoralis major muscles than a person with tetraplegia (e.g., van Drongelen et al. 2006) . However, despite these differences, glenohumeral joint kinematic patterns and net joint moments during wheelchair propulsion have been shown to be remarkably similar across different spinal cord injury levels (Kulig et al. 2001; Newsam et al. 1999) .
Although different combinations of muscle forces can produce the same net joint moments and minimize the effect of individual muscle weakness on propulsion mechanics, it is important to understand the potential compensatory strategies used by the neuromuscular system, as the resulting combinations of muscle forces may put the upper extremity at a higher risk for the development of pain and injury. The potential for injury has been highlighted in previous studies showing that joint instability due to larger forces from the deltoid relative to the humeral head depressors (i.e., rotators and adductors) may lead to subacromial impingement (e.g., Burnham et al. 1993; Sharkey and Marder 1995) and that other unbalanced combinations of forces can lead to dislocation (Labriola et al. 2005) . These conditions are also related to the high prevalence of rotator cuff tears among manual wheelchair users (Morrow et al. 2014) .
Forward dynamics simulations have been shown to be an effective tool to advance our understanding of intermuscular coordination during wheelchair propulsion (e.g., Rankin et al. 2011; Zajac et al. 2002) . Potential compensatory strategies in response to individual muscle weakness can be revealed through analyzing the resulting shifts in individual muscle activation or power generation. A similar approach has previously been used to determine the effect of muscle weakness during steady-state walking (Goldberg and Neptune 2007; Jonkers et al. 2003; van der Krogt et al. 2012) . Forward dynamics simulations can also be used to examine specific measures of upper extremity demand, such as muscle stress, to help identify muscles that may be placed at risk for overuse injuries .
The purpose of this study was to use musculoskeletal modeling and forward dynamics simulations of wheelchair propulsion to identify potential compensatory strategies necessary to overcome weakness in individual muscle groups and highlight those strategies that could lead to the development of upper extremity pain and injury. The results of this study can provide rationale for the design of targeted rehabilitation programs aimed at minimizing the development of pain and injury in manual wheelchair users.
Methods

Musculoskeletal model
The upper extremity musculoskeletal model and dynamic optimization framework used in this study to generate the simulations of manual wheelchair propulsion have been previously described in detail (Rankin et al. 2010 (Rankin et al. , 2011 ). The musculoskeletal model was developed using SIMM (Musculographics, Inc., Santa Rosa, CA, USA) based on the work of Holzbaur et al. (2005) and consisted of segments representing the trunk and right upper arm, forearm and hand. There were six rotational degrees-of-freedom representing trunk lean, shoulder plane of elevation, shoulder elevation angle, shoulder internal-external rotation, elbow flexion-extension, and forearm pronation-supination. The shoulder angles were the thoracohumeral angles, while the scapulohumeral rhythm was defined using regression equations based on cadaver data (de Groot and Brand 2001) . Full-cycle trunk lean and contact-phase hand translations were prescribed based on experimentally measured kinematic data. The dynamic equations of motion were generated using SD/FAST (Parametric Technology Corp., Needham, MA, USA). Twenty-six Hilltype musculotendon actuators, governed by intrinsic muscle forcelength-velocity and tendon force-strain relationships, represented the major upper extremity muscles crossing the shoulder and elbow joints (e.g., Slowik and Neptune 2013) . Each actuator received a distinct excitation signal except the two sternocostal pectoralis major actuators, the three latissimus dorsi actuators, and the two actuators representing the lateral triceps and anconeus. Within each of these groups, the actuators received the same excitation signal, resulting in a total of 22 excitation groups. Muscle excitation-activation dynamics were modeled using a first order differential equation (Raasch et al. 1997 ) with musclespecific activation and deactivation time constants (Happee and van der Helm 1995; Winters and Stark 1988) . The musculotendon lengths and moment arms were determined using polynomial regression equations and the product of the appropriate muscle moment arm and force determined the muscle moment that was applied to each joint. In addition, passive torques were applied at the joints to represent ligaments and other passive joint structures that limit extreme joint positions (Davy and Audu 1987) .
Simulation and optimization framework
Each muscle excitation pattern was generated using a bimodal pattern defined by six parameters (Hall et al. 2011) , resulting in a total of 132 optimization parameters. A simulated annealing optimization algorithm (Goffe et al. 1994 ) was used to identify the excitation parameters that produced a simulation that best emulated the group-averaged experimental propulsion data (i.e., joint angle and 3D handrim force profiles; see Section 2.3 below) using an optimal tracking cost function (Neptune et al. 2001 ). An additional term was included in the cost function that minimized the square of muscle stress to prevent unnecessary co-contraction.
Based on a combination of anatomical location and muscle function, the musculotendon actuators were assigned to 12 muscle groups for analysis (Table 1 ). An initial simulation was generated using a set of baseline isometric muscle force values in the musculoskeletal model based on anatomical studies (Holzbaur et al. 2005 ; Table 1) . These values were then systematically reduced by 50% one group at a time with the remaining groups left unaltered. The 50% reduction was deemed large enough to provide a meaningful difference and realistic in that it falls within the range of values reported in the literature due to fatigue from similar submaximal tasks (e.g., Enoka and Duchateau 2008) . The excitation pattern of the weakened group was constrained to remain at the baseline values so that it could not compensate for itself, and the muscle excitation patterns of the remaining groups were re-optimized in order to restore the propulsion mechanics that emulated the experimental propulsion data, resulting in an additional 12 simulations.
Experimental data
To provide tracking data for the dynamic optimization, experimental data from twelve experienced male manual wheelchair users with complete motor paraplegia and free of shoulder pain (Table 2) were used. The subjects were recruited from outpatient clinics throughout the Rancho Los Amigos National Rehabilitation Center. The participants provided informed written consent in accordance with the governing institutional review board. Participants propelled their own wheelchair at a self-selected speed on a stationary ergometer with the resistance level set similar to overground propulsion (e.g., Raina et al. 2012 ). Subjects were allowed to acclimate until they felt comfortable, and then a 10-s trial (preceded by at least 30 s of propulsion to ensure near steady-state propulsion) was recorded. Trunk, right side upper extremity, and wheel kinematics were collected using a 4-scanner CODA motion analysis system (Charnwood Dynamics Ltd., Leicestershire, UK) with 15 markers placed on landmarks on the body and right wheel (e.g., Lighthall-Haubert et al. 2009 ). Three-dimensional handrim kinetics were measured using an instrumented wheel (SmartWheel; Three Rivers Holdings, Mesa, AZ, USA).
Kinematic and kinetic data were low-pass filtered with a fourthorder zero-lag Butterworth filter with cutoff frequencies of 4 Hz and 8 Hz, respectively, using Visual3D (C-Motion, Inc., Germantown, MD, USA). A resultant handrim force threshold of 5 N was used to delineate between the contact and recovery phases. Contact and recovery phase data for each cycle were time-normalized and averaged across propulsion cycles within each subject. Mean subject data were then averaged across subjects to create group-averaged joint angle and 3D handrim force profiles.
Analysis
Two consecutive propulsion cycles were simulated and the second cycle was analyzed to allow the simulations to reach steady state. Average differences from the group-averaged experimental data were calculated to assess how well each simulation tracked the experimental data. Individual muscle data were analyzed over the full propulsion cycle (contact and recovery). To quantify muscle contributions to propulsion, instantaneous mechanical power (i.e., the product of instantaneous musculotendon force and velocity) was calculated for each muscle at each time step and summed within each muscle group. Mean positive (negative) power generation was calculated by averaging the instantaneous positive (negative) power across time steps, and then total (i.e., absolute value sum) mean power was calculated for each muscle group. Muscle stress was calculated as the instantaneous muscle force at each time step divided by the physiological cross-sectional area and then normalized by the maximum possible isometric stress. This measure of normalized muscle stress is also equivalent to the ratio of the muscle force to the maximum isometric muscle force. Peak and average stress values over the full propulsion cycle were calculated to identify muscle groups that may be at risk for overuse injuries. 
Results
All simulations resulted in propulsion mechanics that closely emulated the group-averaged experimental joint kinematics and handrim forces, with average differences of 0.8°and 1.0 N, respectively (Table 3 ). All root-mean-square (RMS) differences between the simulated and group-averaged experimental mechanics were well within one standard deviation (SD) of the experimental data. The maximum SD-normalized RMS difference (0.37) corresponded to forearm pronation/supination when the pronator group (Table 3: Pro) was weakened. Muscle excitation timings compared well with those reported in the literature (e.g., Mulroy et al. 2004; Rodgers et al. 1994 ).
Muscle mechanical power
In general, weakness in individual muscle groups was compensated for by power increases from synergistic groups and decreases from antagonistic groups (Fig. 1, Table 4 ). The largest power shifts occurred among the shoulder muscles. The largest individual compensation was a power increase from ADelt due to Supra weakness, while the next largest compensation was also a power increase from ADelt but in response to PecMaj weakness. The third largest compensation was a power increase from MDelt due to Subsc weakness.
Muscle stress
In the baseline simulation, Subsc experienced the highest full-cycle average stress of any muscle group while Supra experienced the second highest level. Supra also experienced the highest full-cycle maximum stress of any muscle group while Infra experienced the second highest level (Fig. 2 ). On an individual muscle level, subscapularis (SUBSC) experienced the highest average stress and teres minor (TMIN) experienced the highest maximum stress, while supraspinatus (SUPSP) and pronator quadratus (PQ) experienced high levels (both average and maximum).
In general, when individual muscle groups were weakened, the shifts in stress levels (Figs. 3 and 4) corresponded to the shifts in muscle power contributions (Fig. 1) . Muscle groups that compensated with increased muscle power generally experienced an increase in stress while muscle groups that compensated by decreasing their power also saw a decrease in stress. Across simulations, the rotator cuff muscle groups (i.e., Subsc, Supra, and Infra) were consistently among the muscle groups with the highest stress levels (Figs. 3 and 4) .
Discussion
For all the simulations, the optimization framework was able to identify muscle excitation patterns that produced propulsion mechanics Fig. 1 . Total muscle power shifts between muscle groups. Color gradient from red (increase) to green (decrease) represents the change in total muscle power. (For interpretation of the references to color, the reader is referred to the web version of this article). Italics denote a shift greater than 1.50 W.
Table 3
Root-mean-square differences between the simulated mechanics and group-averaged experimental mechanics. For comparison, one standard deviation (SD) of the experimental data is provided to indicate the inter-subject variability. Baseline denotes the simulation in which no muscle groups were weakened, while the names of the other simulations correspond to the weakened muscle group.
Joint kinematics (degrees)
Handrim forces (N) that emulated well the group-averaged experimental data. The simulation tracking performance illustrates the ability of the upper extremity muscles to compensate for weakness in individual muscle groups and produce normal (group-averaged) propulsion mechanics.
Muscle mechanical power
The deltoid and rotator cuff muscle groups (i.e., ADelt, MDelt, Subsc, Supra, and Infra) were among the largest contributors to propulsion. These muscles have also been highlighted as key contributors to generating needed mechanical power in previous simulation (e.g., Rankin et al. 2011 ) and experimental (e.g., Mulroy et al. 1996) analyses. The large power shifts observed between these muscle groups suggest that they can compensate for each other to restore normal propulsion mechanics, which is consistent with investigations that have found these muscle groups to have similar and overlapping functional capabilities (e.g., Escamilla et al. 2009; Liu et al. 1997) .
Although the deltoid and rotator cuff muscles can produce similar moments about the glenohumeral joint, they do so with different combinations of force vectors and moment arms (e.g., Fig. 5 ). As a result, shifts in contributions between these muscle groups could potentially decrease joint stability and increase injury risk. A previous study investigating the effects of rotator cuff tears highlighted this injury mechanism using an inverse dynamics-based model (van Drongelen et al. 2013) . The investigators found that rotator cuff tears, simulated by eliminating the force-generating capacity of the individual muscles, can lead to increased deltoid activity and a more superiorly directed glenohumeral contact force during wheelchair propulsion. This force vector alteration can initiate an injury mechanism in which the humeral head migrates upward into the subacromial space causing rotator cuff impingement. Superior migration of the humeral head after rotator cuff fatigue has also been shown using experimental measurements (e.g., Teyhen et al. 2008 ).
The thoracohumeral depressors (i.e., PecMaj and Lat) are capable of counteracting this superior humeral head migration and increasing joint stability by drawing the humeral head towards the glenoid fossa (e.g., Oh et al. 2011) , with the smaller negative side effect of increased co-contraction due to the associated adduction moment (Steenbrink et al. 2009 ). Therefore, compensations involving the thoracohumeral depressors are likely preferable compared to those dominated by the deltoid. The distinctions between ADelt and PecMaj in particular may be important as our results also showed that these muscles compensate for each other to provide much of the power required to propel the wheelchair during the contact phase (Fig. 6 ).
Muscle stress
While the full-cycle average and maximum stress values may not initially appear high (i.e., the highest muscle group values found in the simulations were 30.4% and 49.1%, respectively), these levels can be significant due to the repetitive nature of wheelchair propulsion. Wheelchair propulsion has a relatively high frequency of about 1 Hz, with approximately 35% of time spent in the contact phase and 65% in the recovery phase (e.g., Mulroy et al. 1996) . Although muscles are primarily active during only one phase, rest time is limited due to the task frequency. As a result, levels of muscle intensity and duration similar to those found in this study have previously been identified as risk factors for fatigue and injury (e.g., Monod 1985; Mulroy et al. 1996) . Fig. 2 . Baseline simulation average and maximum stress values over the full cycle for the individual muscles. The thick black boxes correspond to the average value for the muscle group. Table 4 Muscle group power compensations. Key compensations were defined to be those that accounted for at least ten percent of the total magnitude of power shifts that resulted from a muscle group being weakened.
Muscle group weakened Key compensations
Increased power
Decreased power
The rotator cuff muscles experienced high stress values across the various simulations (including the baseline simulation), which is consistent with previous inverse dynamics-based analyses (Lin et al. 2004; Veeger et al. 2002) . These results are also consistent with previous studies suggesting that the rotator cuff muscles are highly active during wheelchair propulsion (e.g., Mulroy et al. 1996; Rankin et al. 2011 ) and susceptible to fatigue . High stress levels could also lead to rotator cuff degeneration and tearing (e.g., Nho et al. 2008) , which could further contribute to the power shifts observed above.
Although Pro experienced high stress levels, it also had the lowest muscle power contributions. The high stress levels were primarily due to the relatively small size of these muscles and lack of synergistic muscles to help compensate. The possibility of reducing the amount of pronation while still achieving the propulsive task (e.g., Newsam et al. 1999) , along with the low occurrence of pronator injuries and the inherent stability of the pronation/supination degree-of-freedom, suggests that the associated injury risk is much lower for the pronator muscles compared to the rotator cuff muscles.
Clinical implications
Manual wheelchair users have an elevated risk of rotator cuff injury with tears of the supraspinatus tendon being especially common (Morrow et al. 2014) . Glenohumeral joint biomechanics can be affected by rotator cuff injuries and have been found to be critically altered when there is a complete supraspinatus tear (Oh et al. 2011) . Rotator cuff injuries are produced by a combination of factors such as muscle stress, overuse and extrinsic mechanisms such as impingement (Seitz et al. 2011) . In addition, a recent study has shown that wheelchair users with shoulder muscle weakness, particularly in the shoulder adductors, were more likely to develop shoulder pain over a 3-year period . The design of the upper extremity allows great mobility at the expense of stability and thus requires high muscular effort to prevent superior displacement of the humerus on the glenoid during load-bearing tasks such as wheelchair propulsion (e.g., Mulroy et al. 1996; Veeger and van der Helm 2007) . Therefore, strengthening of the rotator cuff muscles and supporting muscles whose contributions do not increase the risk for impingement (i.e., the thoracohumeral depressors), particularly relative to muscles whose contributions do increase this risk (i.e., the deltoid), has the potential to reduce the development of shoulder pain and injury.
Additional considerations and potential areas for future work
This study explored the effects of weakness in individual muscle groups but did not seek to reproduce a particular source of this weakness. As there are a variety of possible mechanisms leading to muscle weakness, we elected to take a systematic approach, weakening one muscle group at a time to help develop a detailed understanding of potential compensations between muscle groups. A future study could extend this work and seek to replicate common-occurring weakness combinations, such as the denervation of multiple muscle groups due to tetraplegia (e.g., Mulroy et al. 2004) or imbalanced weakness due to the differences in fatiguing rates among shoulder muscles (e.g., Qi et al. 2012 ).
An additional consideration is that the compensatory strategies identified by the simulations are not the only ones possible. While the identified strategies restore the group-averaged propulsion mechanics while minimizing excess co-contraction, the specific compensatory strategy used by an individual may be influenced by subject-specific differences in muscle capacities and preferred propulsion technique. All subjects in the present study had similar injuries (i.e., all had complete motor paraplegia, as opposed to tetraplegia or one of the numerous Fig. 4 . Maximum stress values over the full cycle for the individual muscle groups. Color gradient from light (low) to dark (high) represents the maximum stress levels. other conditions that can lead to wheelchair use) and used a doubleloop propulsion pattern (i.e., the propulsion pattern that results when the four commonly observed patterns are averaged; for detailed discussion of these patterns, see Slowik et al. 2015) . While the use of a single pattern represented a typical manual wheelchair user while also ensuring low inter-subject variability in propulsion mechanics, care should be taken in extending these results to the entire population of manual wheelchair users.
In addition, it is possible that a subject would modify their propulsion mechanics in response to individual muscle weakness instead of seeking to maintain their original technique. An interesting future study would be to assess the influence of individual muscle weakness on propulsion mechanics and see if it correlates with preferred techniques during a weakened state.
A further consideration is that while the present study identified possible compensatory strategies in the presence of individual muscle weakness and highlighted possible injury mechanisms that may result, it did not attempt to perform a detailed quantitative assessment of joint instability risk, leaving that open as an avenue for future work. The simulations did not allow translation within the glenohumeral joint or include a stability-specific metric in the cost function, but any future study quantitatively examining joint stability should improve stability-related elements of the model and analysis.
Limitations
A potential limitation in this study is that the experimental data was collected on a calibrated wheelchair ergometer rather than overground. However, while stationary propulsion simulators do not perfectly replicate overground propulsion, they provide greater control over experimental variables in a laboratory setting while still resulting in propulsion mechanics consistent with overground propulsion (Koontz et al. 2012) . Thus, the advantage of having steady-state data was deemed to outweigh the limitations the ergometer data may present. Another limitation is that the musculoskeletal model did not include the wrist muscles and the joint was fixed in the anatomical position, thus reducing the ability of the hand to produce a pure moment at the handrim. However, wrist moments are generally small relative to glenohumeral and elbow joint moments (e.g., Robertson et al. 1996; Sabick et al. 2004 ). In addition, the consistency of the model across all simulations and the requirement that final optimized simulations produce the same experimental joint kinematics and handrim forces minimize the effect of the fixed wrist on the other joints and the study conclusions.
Conclusions
In summary, this study identified the effects of individual muscle weakness during manual wheelchair propulsion and highlights the potential risks for the development of upper extremity pain and injury. Despite significant reductions in individual muscle strength, wheelchair propulsion mechanics were able to be restored through compensations from other muscle groups. The largest intermuscular compensations occurred within the shoulder muscles. The simulation results indicate that the deltoid and rotator cuff muscles can produce moments to compensate for each other. However, shifts between these muscles may compromise glenohumeral stability and lead to impingement or other related injuries. Stability can be increased through additional contributions from the thoracohumeral depressors, but with the possible consequence of increased co-contraction. The rotator cuff muscles also experienced many of the highest stress levels across simulations, further highlighting their susceptibility to fatigue and injury. These results highlight the importance of strengthening the rotator cuff muscles and supporting muscles whose contributions do not increase the risk for impingement (i.e., the thoracohumeral depressors) in rehabilitation interventions aimed at minimizing the risk of upper extremity injury in manual wheelchair users. 5 . Moment (M) created by the forces generated by supraspinatus (SUPSP) and anterior deltoid (DELT1). While both muscles can produce an abduction moment, the supraspinatus force draws the humeral head towards the glenoid fossa while the anterior deltoid provides a more superiorly directed force.
